The limit on imaging-depth in two-photon microscopy depends on parameters of the imaging system such as available power, wavelength, numerical aperture, and fluorescencecollection field-of-view and on properties of the sample such as scattering and absorption cross-sections and fluorophore distribution. These dependencies are discussed and strategies for optimizing the imaging depth are presented.
INTRODUCTION
Two-photon fluorescence microscopy 1 has become an indispensable tool for imaging living tissue. One of its main advantages compared to one-photon techniques is that it can provide high resolution images from very deep within living tissue [2] [3] [4] . Imaging at a depth of 500 µm in brain tissue (2-3 scattering mean free path lengths) has become standard performance. Compared to what can be achieved with confocal microscopy this constitutes a three-fold increase that is mostly due to the reduced scattering cross section (increased scattering length) for infrared light and the capability to detect scattered fluorescence 5 . Recently it has been shown that the imaging depth in two-photon microscopy can be extended to about 5 scattering mean-free-path lengths using optically amplified excitation pulses at a lower repetition rate 3 . It has, however, also become clear from those experiments that the imaging depth in two-photon microscopy cannot be increased indefinitely by increasing excitation power and efficiency. It is fundamentally limited by the onset of out-of-focus fluorescence generation near the top of the sample 6 , since for very thick absorbing or scattering samples the assumption that two-photon fluorescence is largely confined to the focal region is no longer true. At large imaging depths, a significant increase of out-of-focus fluorescence and as a consequence loss in image contrast have been observed 3 . In this paper we will discuss how certain imaging parameters such as the excitation numerical aperture and out-of-focus fluorescence influence the depth limit.
TWO-PHOTON FLUORESCENCE GENERATION IN TURBID MEDIA
The total number of fluorescence photons (F) generated by two-photon excitation is proportional to 7 the two-photon absorption cross-section (δ), the fluorophore concentration (C) and the square of the excitation intensity (I):
When imaging in turbid media at depths much larger than the scattering-mean-free-path length, most of the excitation light is scattered before reaching the focus. While the ballistic fraction decays exponentially, the total power of light reaching a certain depth decays only slowly i.e. at most, inversely with depth for depths beyond one transport-meanfree-path length
where l s is the scattering-mean-free-path length and g is the anisotropy factor (the average cosine of the scattering angle). Hence, even at a depth as small as one scattering-mean-free-path length, the power of the scattered fraction is much larger than that of the ballistic fraction. The peak intensity of the scattered light is, however, due to its high spatial and temporal dilution, much lower than that of the ballistic fraction and thus inefficient in generating higher order non-linear effects such as two-photon fluorescence or second harmonic light. Higher-order non-linear effects thus occur virtually only at the high intensity focus of the ballistic light. Note, however, that due to the different decay rates of the ballistic and scattered light, the peak intensity of the ballistic light will eventually become smaller than the peak intensity of the scattered light, rendering imaging impossible. Nevertheless, since this occurs at focus depths of about one transport mean-free-path length, it is of minor practical concern because the exponential increase in incident power needed so that sufficient ballistic light reaches the focus, will create dominant background (out-of-focus) fluorescence long before depths as large as one transport-mean-free-path length are reached. While significant generation of out-of-focus fluorescence by the ballistic fraction is limited to a depth of about one half of the scattering-mean-free-path length it can extend to a depth of several scattering-mean-free-path lengths for the scattered fraction. In samples with strong forward scattering this effect is particularly pronounced and there scattered light is the main source for the generation of out-of-focus fluorescence (see below). The main difficulty in calculating the two-photon fluorescence using Eqn. 1 is to find expressions for the spatial and temporal intensity distribution. In the following we will discuss the generation of focal and out-of-focus two-photon fluorescence in a turbid medium separately and estimate their spatial and temporal intensity distributions.
A. Focal fluorescence
Since scattered light does not contribute to the generation of two-photon fluorescence in the focus, the spatial and temporal intensity distribution can be approximated by the pure ballistic distribution of the excitation light. The propagation of light in a dielectric medium with electrical conductivity 
where U is the generally complex electric field amplitude. 
where 
where z r is the Rayleigh range, k = 2nπ/λ is the wave number, Where it should be noted that z is measured from the beam-waist position. Equation 6 contains only three parameters, P 0 , z r , and τ , which can all be determined from the boundary conditions. For α = 0, z r reduces to the familiar form
which is directly proportional to the square of the beam-waist, related to the beam's far-field angular spread . (13) This reduction of the NA for an absorbing or scattering sample (see Fig. 1 ) is due to the fact, that the peripheral part of the beam experiences a higher attenuation because it has to traverse more material. In order to calculate the focal two-photon fluorescence F S for a particular experimental situation, one needs to evaluate Eqn.1. Inserting Eqn. 6 into Eqn.1 and assuming a constant fluorophore concentration throughout the integrated volume and pulsed incident light with a Gaussian temporal profile and pulse energy E i.e. 
The integral in Eqn. 14 can be solved analytically when the lateral intensity distribution displays circular symmetry and the lateral extent of the fluorescent volume is significantly larger than the beam width. In this case, the integration can be performed over the radial coordinate and extended to infinity without introducing significant errors i.e.
48 Proc. of SPIE Vol. 5463 which, using the intensity distribution in Eqn. 6, gives and Ei(x) is the exponential integral function defined by
Since in most practical situation
(at least five orders of magnitude smaller than the other terms), Eqn.16 reduces to 
For very thick specimens i.e. z' >> z r and very long optical mean-free-path lengths l = 1/α → ∞ the integral in Eqn. 14 simplifies to
which is independent of the numerical aperture of the focusing lens -a peculiar property of two-photon excitation in a focussed beam 11 . This can be explained by the fact that a change in the excitation efficiency is exactly balanced by a corresponding change in the excitation volume. In imaging applications, however, one is often interested in volumes smaller than those assumed for the derivation of Eqn. 16 and 18, and Eqn. 14 has to be evaluated numerically. For typical conditions encountered in two-photon imaging of brain tissue i.e. l = 200 µm, n = 1.33, λ = 0.9 µm we have evaluated the focal fluorescence generation for two different fluorescent-volume geometries. First, for spherical volumes solving Eqn. 14 numerically and second, for fluorescent sheets using Eqn. 18. In Fig. 3 we have plotted the relative fluorescence for (a) a spherical fluorescent volume as a function of sphere radius and (b) a fluorescent sheet with surface area A → ∞ as a function of sheet thickness for various effective NA's.
Proc. of SPIE Vol. 5463 49 However, from Fig. 3 it is also clear that for fluorescent objects up to a size of many w 0 , the generated fluorescence depends strongly on the effective NA. To illustrate this fact, we have plotted the relative fluorescence over effective NA for spherical objects with different radii (see Fig. 5 ). B.
Out-of-focus fluorescence
The out-of-focus fluorescence can also be calculated using Eqn. 14 using a different integration region, containing the out-of-focus volume only. However, Eqn. 14 considers only the ballistic light. This leads to correct results for the calculation of the focal fluorescence, but greatly underestimates the generation of out-of-focus fluorescence since, in particular near the surface, the assumption that scattered light is much diluted compared to ballistic light no longer holds. The contribution by scattered light is especially large in specimens that, like most tissues, are strongly forward scattering 12 i.e. have an anisotropy factor (average cosine of the scattering angle) g that approaches unity. In such cases most of the scattered light remains within the excitation beam and, therefore, still contributes to the two-photon fluorescence generation as long as the scattered light has not sufficiently dispersed temporally. For the calculation of the out-of-focus fluorescence it is, therefore, important to include both ballistic and scattered contributions. The propagation of pulsed laser radiation through turbid media with highly anisotropic scattering has been investigated using several approaches as radiative transfer models and Monte Carlo techniques. Recently, analytical methods structured on simple statistical concepts were developed to treat scattering in turbid water 13, 14 . Although their validity for treating biological samples still needs to be verified, these models provide a first approximation for the temporal and spatial spread of multiple scattered light. Following the approach by McLean et al.
14 , the variances of transverse and temporal spread for a pulsed unidirectional beam incident on a medium with highly anisotropic scattering are, using the small-angle approximation, given by 
can be calculated using
where ) cos(θ = x and ) (x p is the scattering phase function. Calculation of the scattering phase function in media containing a large variety of scatterers is difficult and it is often necessary to revert to approximations. An approximate scattering phase function commonly used in biological tissue optics is the Henyey-Greenstein scattering phase function 
and thus
Hence Eqns. 19 and 20 reduce to ). Considering ballistic and scattered light and assuming, as appropriate for many biological tissues, that scattering is dominant and absorption negligible, the beam intensity with depth will only be reduced by scattering i.e. by temporal and spatial broadening. Assuming that the variances given in Eqn. 29 and 30 pertain to a Gaussian distribution, the intensity of the scattered light can be written as: The out-of-focus fluorescence is proportional to the integral of (I scat. (ρ, z, t) + I ball. (ρ, z, t)) 2 over the out-of-focus volume V oof and time
We have evaluated Eqn. 32 numerically for the experimental parameters l s = 200 µm, n = 1.33, λ = 0.9 µm, NA = 0.6, g = 0.9 and τ 0 = 100 fs. Figure 6 shows the fluorescence integrated over transversal planes versus depth. While for the ballistic fraction, the intensity in the out-of-focus volume is highest at the surface, the scattered fraction and the mixed term have their peak at a depth well below the surface. This can be explained by the fact that significant amounts of scattered light are present only at depths beyond one scattering mean-free-path length. In addition, since most scattered light initially remains within the converging excitation cone, the excitation intensity actually increases with depth up to the point where the reduction due to the spatial and temporal spread begins to dominate. For low anisotropy factors, this peak will be closer to the surface (this finding is in line with experimental results 6 ).
THE FUNDAMENTAL IMAGING-DEPTH LIMIT
In order to maintain constant signal strength, i.e. constant focal fluorescence generation (assuming depth-independent collection efficiency), the incident power needs to be increased exponentially with depth. Since this leads to an increase in out-of-focus fluorescence, the imaging-depth is limited even if unlimited excitation power is available. Different definitions of "depth-limit" are conceivable. Certainly no meaningful imaging is possible beyond the point at which the focal fluorescence signal falls below the photon shot-noise level ( 
We have to consider, however, that even for samples that are stained uniformly in a statistical sense the actual fluorophore concentration will be spatially inhomogeneous. While this does not affect the calculation of the background fluorescence, which essentially depends only on the average fluorophore concentration, the peak focal fluorescence increases as the inhomogeneity increases. While the exact amount of this increase depends on the staining statistics we can use, as an approximation, the concept of the 'stained volume fraction' (ι ), which can be pictured as uniformly stained sub-volumes (with a combined volume that is ι times the total volume) that are large enough to contain the entire focal volume (the size necessary to meet this condition does depend on the NA). This implies that 
The maximum imaging depth is determined by finding the z for which 
For a spherical focal volume with radius 0.5 µm and the parameters given above, we have solved Eqn. 35 numerically. The maximum imaging depth increases as the stained volume fraction is reduced and for large NA's depends roughly logarithmically on the stained volume fraction, with an increase by about one scattering mean-free-path length for a reduction of ι by a factor of 1/6.
